Objectives: Neural stimulation is well-accepted as an effective therapy for a wide range of neurological disorders. While the scale of clinical devices is relatively large, translational, and pilot clinical applications are underway for microelectrode-based systems. Microelectrodes have the advantage of stimulating a relatively small tissue volume which may improve selectivity of therapeutic stimuli. Current microelectrode technology is associated with chronic tissue response which limits utility of these devices for neural recording and stimulation. One approach for addressing the tissue response problem may be to reduce physical dimensions of the device. "Thinking small" is a trend for the electronics industry, and for implantable neural interfaces, the result may be a device that can evade the foreign body response.
INTRODUCTION
Neural stimulation is well-accepted as an effective therapy for a wide range of neurological disorders. Deep brain stimulation significantly reduces motor symptoms associated with movement disorders such as essential tremor (1,2) and Parkinson's disease (3, 4) , and has shown promising results in a range of other disorders (5-7). Driven by one or more implantable pulse generators, DBS electrodes consist of four cylindrical platinum/iridium contacts on the order of 1.27 mm in diameter and often operate as voltage-controlled devices to deliver amplitudes from 1-3 V to stimulate estimated volumes from 100 to 250 mm 2 of tissue for therapeutic ends (8) . Assuming an electrode impedance of 1000-2000 X, stimulation currents on the order of 1-3 mA per pulse can result (8) . Recent developments have shown the feasibility of horizontal current steering with the use of segmented electrodes (9, 10) .
While the scale of clinical devices is relatively large, translational, and pilot clinical applications are underway for microelectrodebased systems. Microelectrodes have the advantage of stimulating a relatively small tissue volume which may improve selectivity of therapeutic stimuli (11) . Arrays of microelectrodes, which are capable of recording neural signals and microstimulation, are shown in Figure 1 . In principal, all electrodes are fundamentally capable of either recording or stimulation. What limits the utility of microelectrodes for stimulation is whether or not the electrode-electrolyte interface exhibits sufficient charge injection capacity to induce excitation without surpassing safe levels, and the extent that the material is chemically and physically stable with pulsing in vivo. The Utah (or Blackrock) devices consist of multiple shanks of length 0.5-1.5 mm and cross-sectional area of 1500-3500 lm 2 decreasing in dimension approaching the conical tip which consists of either a platinum or iridium oxide coating of 2000 lm . Both of these array structures have been used for neural stimulation applications (12, 13) . For example, the Utah array has been used to explore restoration of tactile and proprioceptive feedback where patterned stimuli are provided as current pulses of 20-80 lA to the human sensory cortex (14) . Furthermore, the Utah slant array, consisting of shanks of decreasing length to allow access to fascicular structures, has emerged as one of several strategies for peripheral nerve stimulation (15) . These arrays have feature sizes an order of magnitude smaller than those of DBS electrodes and offer enhanced specificity for more precise and selective delivery of stimulation. Nevertheless, implantation of both the Utah and Michigan arrays, as well as arrays of microwires, triggers a chronic tissue response which is associated with a loss of neural cell bodies and processes proximal to the microelectrode sites (16, 17) . The details associated with the neuroinflammatory response have been well-documented and described previously. In short, this biotic mechanism is believed to originate from the chronic foreign body response (FBR) following initial implantation, and downstream processes that have features consistent with neurotrauma and neurodegeneration (18) (19) (20) (21) (22) (23) .
Evidence suggests that mechanical mismatch between an implanted device and the surrounding brain tissue plays a significant role in the tissue response. Figure 2 compares the elastic or Young's modulus of various materials used in brain implants and surrounding tissue. Brain tissue exhibits a Young's modulus on the order of 1-10 kPa, whereas Young's modulus for silicon, a common implantable device material, is 130-170 GPa (27) . There is a substantial literature concerning probes consisting of materials which have a relatively low degree of stiffness, that is, nearing 10-20 MPa, that appear to elicit decreased tissue response in comparison to their stiffer counterparts (34) . The central argument is that soft implantable probes blunt the micromotion induced strain believed to be the source of chronic inflammation (35) .
A seemingly different approach to dealing with the tissue response problem may be to reduce physical dimensions of the device. Interestingly, the evolution of electronics can be characterized, at least in part, with the reduction in feature size of components and devices within integrated circuits (36) , and the future progress of neurotechnology may also follow this path. While for electronics, "thinking small" results in improvements in circuit speed and efficiency, for implantable neural interfaces, the result may be a device that can evade the FBR. Quite recently, there have been several studies demonstrating that ultrasmall microelectrodes offer an apparent benefit with regard to the tissue response (37, 38) . These devices are fabricated of materials that inherently exhibit a high modulus of elasticity, but the small cross-sectional areas make them flexible within the brain. Small, compliant devices may decrease the volumetric displacement of brain tissue and minimize the risk of disrupting vascular structures such that there is a significant reduction or elimination of neuroinflammation. The purpose of this paper is to review our current understanding pertaining to the relationship between implant size and tissue response, the state-of-the-art in ultrasmall microelectrodes, discuss the advantages and limitations, and identify future research and development opportunities.
BIOMECHANICS OF FLEXIBLE DEVICES
Broadly speaking, stiffness (or compliance) connotes a resistance (or susceptibility) to mechanical deformation. In general, the stiffness of a mechanical structure such as a brain implant depends upon both its geometry and material composition. Stiffness can be measured experimentally by subjecting the structure to a sequence of increasing mechanical loads. The magnitudes of these loads can then be plotted with respect to some measure of deformation (e.g., elongation, deflection). For small deformations, the "stiffness" is taken to be the proportionality constant between these quantities. One can make an estimate of a brain implant's susceptibility to bending by modeling as a cantilevered beam subjected to transverse mechanical loading (Fig. 3) . The stiffness of the beam or, in our case, the implant, is a function of both the area moment of inertia of the cross-section, I, and the elastic (or Young's) modulus of the material, E. For a given end force, F, an implant of length L will exhibit a deflection, d. Since the area moment of inertia, I, is related to the geometry of the cross-section, compliant implants can be created using either ultrathin geometries, which reduce the moment of inertia, or extremely soft materials. Reducing cross sectional dimensions is particularly effective in increasing the compliance of an electrode since the moment of inertia is proportional to the fourth power of the device radius for a circular cross section or the third power of thickness in the bending direction for a rectangular cross section. For purposes of this review, we focus on state-of-the-art ultrasmall microelectrode arrays which achieve flexibility through small dimensions.
SILICON DEVICES WITH SMALLER CROSS-SECTIONAL AREAS REDUCE TISSUE RESPONSE
With respect to tissue response, Ratner's group has studied and reviewed the relationship between implant size and FBR, especially for subcutaneous sensors (39, 40) . In general, the smaller the sensor size, the less the inflammation due to initial disruption to the surrounding tissue and sustained inflammation from the continued presence of the implant (39). Just how small does an implant need to be to avert a tissue response? The lore among neural engineers suggests that feature sizes below 6 mm should eliminate the tissue response. This threshold appears to be inspired by findings that the single polymer fibers with diameters below that level, implanted subcutaneously parallel to the surface of the skin, evoke little or no response (41) . It was hypothesized that disruption of the extracellular matrix oriented parallel to the skin was the basis for the FBR such that thicker implants would augment the disruption and consequently increase the tissue response (39, 42) . Even though neural interfaces are implanted perpendicular to the surface into highly vascularized tissue, studies suggest some consistency with this sub-10 mm threshold. In one of relatively few studies, Seymour and Kipke examined the tissue response as a function of feature size of the implantable probe (43) . The test structure consisted of a single shank containing a major architectural feature consisting of a regular rectangular lattice design, composed of structures with 4, 10, and 30 mm side walls. Lattice dimensions below 5 mm seem to have attenuated cell attachment to its surface, resulting in diminished astrocyte activation associated with the tissue response and concomitant retention of neurons proximal to the sites. In addition, Stice et al. compared the tissue response evoked by 12 and 25 lm diameter thin microelectrodes showing statistically significant reductions, although not elimination, in activated astrocyte staining for smaller diameter probes after 4 weeks implantation (44). Stice et al. suggested three possible reasons for this attenuated tissue response: 1) less CNS tissue displacement with smaller dimension probes; 2) less surface area for adhesion of cells necessary to trigger inflammatory processes; 3) enhanced flexibility of probes with smaller cross-sectional areas. Another possibility put forth by Skousen et al. is that the FBR is due to the persistence of activated macrophages and subsequent release of neurotoxic biomolecules; the larger surface area causes concentration elevations proximal to the biotic-abiotic interface (45) . It is noteworthy that relatively large implants that become flexible by softening within the brain also show decreased tissue response (34) . While both mechanical and geometric factors are important to the tissue response (46) , there appears to be a geometric threshold at or below 10 lm diameter or a cross-sectional area of under 100 lm 2 . While it may seem straightforward to simply create thinner silicon structures as neural implants, material limitations become evident at small scales. Silicon is brittle, will dissolve over time in vivo, and for 1.5-2 mm long probes of thickness of 15 lm, buckling of the probe during insertion and fracture can occur (47) . It is also important to recognize that with a reduction in the size of an implant, the microelectrode sites themselves become smaller posing significant challenges at the electrode-electrolyte interface.
ELECTRICAL INTERFACE CHALLENGES FOR SMALL MICROELECTRODES
Neural stimulation and recording works by a remarkable electrochemical reaction which occurs at the electrode-electrolyte interface. Electrical devices including amplifiers and stimulators operate with the flow of electrons but, physiologically, charge movement is carried by hydrated anions and cations. Conversion occurs at the electrode-electrolyte interface where the larger the surface area of an electrode, the more readily the conversion between electronic and ionic charge can proceed. Decreasing the surface area of any electrode raises the measured impedance of the electrodeelectrolyte interface, thereby increasing the thermal, or Johnson, noise, and compromising the ability to transfer electrical charge between the electrode and the tissue. Thermal noise at an electrode-electrolyte interface is proportional to the square root of the real component of the impedance, large impedances make it difficult to separate small extracellular signals from baseline noise. For electrical stimulation, it is important to avoid faradaic reactions that may result in nonreversible, toxic interactions with the surrounding tissue (48) . In addition, current injection should produce potentials at the electrode that fall within the "water window." Exceeding these thresholds, which depend on the particular electrode material, will trigger the electrolysis of water to liberate oxygen; alternatively, if the voltage falls below a negative threshold, hydrogen is produced. Clearly, these irreversible reactions are deleterious to the electrode and surrounding tissue. The amount of charge that can be reversibly injected during a stimulation pulse while the potential remains within the water window is called the charge injection capacity, a parameter that is a related to the electrode material and the surface area. When microelectrode sites become too small, they may not provide a sufficient level of charge per stimulation phase to evoke neural activity (49) . For example, gold microelectrodes with a surface area of only 100 lm 2 have a charge injection capacity below 0.067 mC/cm 2 . If at least 1-2 nC/phase for a 200 lsec pulse is required to trigger cortical excitation (11, 50) , then such small microelectrodes fall short. Instead, a charge injection capacity of at least 1-2 mC/cm 2 is necessary for effective neural stimulation with microelectrode of this size.
So how do we achieve low impedance and high charge capacity for a small microelectrode? The answer: by coating microelectrode sites with materials that increase reduction-oxygen capacity and effective electrochemical surface area. There are a number of approaches for coating microelectrodes with ceramics, conductive polymers, or metallic oxides. Nonpolymeric approaches include sputtered iridium oxide (SIROF), titanium nitride (TiN) (51), or electrodeposited iridium oxide (EIROF) (52) which provide high charge injection capacity and low impedance coatings for electrodes. For example, sputtered iridium oxide can produce a maximum charge injection capacity between 1 and 5 mC/cm 2 , which is 10-100 times greater than Pt or Pt/Ir (11) . With respect to conductive polymers, the most commonly used coating strategy is poly(3,4-ethylenedioxythiophene) or PEDOT, which is often deposited through oxidative polymerization of ethylenedioxythiophene in the presence of poly(styrenesulfonate) or PSS onto microelectrode sites (53) . Cui and Martin demonstrated that application of PEDOT-PSS to microelectrodes decreased the impedance by almost two orders of magnitude (54) . PEDOT-PSS also displayed a 15-fold improvement in chargeinjection capacity of 15 mC/cm 2 (55) . The problem for PEDOT-PSS is durability, and while electrodeposition of PEDOT with a tetrafluoroborate (56, 57) or perhaps inclusion of appropriately functionalized carbon nanotubes (58) improves electrochemical performance and stability, long term robustness especially for neural stimulation remains elusive. Instead, metallic/oxide-based coatings are more likely to demonstrate long term stability in vivo for neural stimulation applications. Recently, ultrasmall microelectrodes have emerged that leverage conductive materials such as carbon that enable small size for minimizing tissue response.
ULTRASMALL CARBON-FIBER BUNDLES FOR NEUROSTIMULATION AND RECORDING
The use of carbon fiber electrodes for the voltammetric/ amperometric detection and quantification of neurochemicals such as dopamine is well known (59, 60) . For neural recording or stimulation, carbon fibers are electrically conductive and their small crosssectional area makes them attractive due to their minimal invasiveness during implantation, minimal risk of blood-brain-barrier disruption, and reduced tissue displacement (37, 61, 62) . Carbon fibers have a typical radii of about 4-7 mm and are mechanically stiff with a Young's modulus of 241-380 GPa (25, 26) . The small cross-sectional area allows the fibers to be mechanically compliant within neuronal tissues (62) . Implanted carbon fiber microelectrodes have provided high quality single and multiunit recordings in acute and chronic experiments (25, 26, 62) . Carbon fiber microelectrodes have been shown to record at high signal-to-noise from a variety of neuronal (26) and rat cortex (25, 62) . As shown in Figure 4 , carbon fibers, inserted as bundles that agglomerate when wet to allow insertion without buckling, appear to splay within the tissue to behave as 3D arrays that sample from a volume of neural tissue (26) . Splaying dynamics, however, may rely on a delicate balance between the Van der Waal's force that induces bundling and the tissue mechanics. While penetration and splaying occurs in songbird cortex with carbon fiber bundles, it may or may not work reliably in other species of brain structures that have differing mechanical characteristics. There are three major disadvantages of carbon fiber microelectrodes that limit widespread use for neural stimulation applications: 1) The electrochemical characteristics of bare carbon in physiological saline are poorly suited for neural recording and stimulation. For an exposed geometric surface area of 500 lm 2 , carbon fibers show impedance levels of greater than 1 MX at 1 kHz and a chargeinjection limit below 0.05 mC/cm 2 . The majority of prior work with carbon fiber tips has relied on coatings with PEDOT-PSS or PEDOT-PSS with carbon nanotubes (58) . Unfortunately, as previously noted, PEDOT is unlikely to provide a stable electrochemical interface for chronic neural stimulation. An alternative to PEDOT is coating with EIROF, which have been demonstrated to create stable interfaces for neural stimulation (52, 63, 64) . Coating the tips of carbon fibers with EIROF produced a highly nodular electrode surface (Fig. 5) which reduced the electrode impedance by 10-fold and increased the charge injection capacity to 17 mC/cm 2 with appropriate biasing. 2) Regardless of coatings, the fiber-based microelectrodes are fabricated by hand. The tips of carbon fibers, which are coated with a thin layer of Parylene C for insulation, are opened at the distal end either mechanically by using surgical scissors or razor blade to expose the active microelectrode site or by thermal ablation usually with a flame (26) . Manual fabrication limits the ability to create reproducible structures for wide spread use and commercial dissemination.
FUTURE OPPORTUNITIES FOR REPRODUCIBLE AND SCALABLE FABRICATION OF ULTRASMALL MICROELECTRODE ARRAYS
The key to creating reproducible microscale devices is by leveraging state-of-the-art photolithography and microfabrication techniques. Very recently, Luan et al. reported the development and demonstration of ultrathin linear arrays of microelectrodes (38) . Composed of SU-8, which is conventionally used in microfabrication laboratories as a photo-resist, two types of multilayer probes have been described that are 1 lm in thickness and possess microelectrode widths of either 10 or 50 lm. With such small cross-sectional areas, these highly flexible devices exhibit little or no tissue response after months of implantation in mice where single unit neuronal activity could be readily resolved. While the electrode sites are either Pt or Au, coatings including EIROF or SIROF would likely enable microscale neural stimulation applications. While SU-8 has a relatively positive literature supporting its in vitro and in vivo biocompatibility (65), it is not typically found in implantable biomedical devices and providers (e.g., MicroChem) may be hesitant to grant use for medical applications. Nevertheless, we remain optimistic that polymers, including those with shape memory thermomechanical characteristics (66, 67) , offer a solution for implantable microscale devices. We note that polymeric materials including silicone, parylene, and polyamide, are all components of the Medtronic DBS Lead Model 3387.
Alternatively, amorphous silicon carbide (a-SiC) has emerged as a candidate encapsulation material for next generation brain implants (68) (69) (70) (71) . Created through plasma enhanced chemical vapor deposition, a-SiC films exhibit robust long-term stability, high electronic resistivity, and resistance to corrosion (68, 72, 73) . Moreover, a-SiC has an established track record as a biomedical device material, specifically as a coronary stent coating (74) . Prototype arrays of microelectrodes designed for intracortical stimulation and recording that utilize a-SiC as a structural and insulating material have been developed by the Cogan group and are shown in Figure 6 . These devices consist of individual shanks <10 mm wide yielding a shank cross-sectional area of <60 mm 2 . These small dimensions and mechanical robustness of the film enable overall device flexibility. In contrast to carbon fibers, a-SiC processing is amenable to thin-film fabrication processes and photolithography. In addition, a-SiC devices can be readily customized and reliably reproduced at scales necessary for translation. To achieve suitable charge injection capacity, microelectrode sites can be coated with SIROF or porous TiN to produce low impedance coatings resulting in 100 mm 2 sites with charge injection capacities >3 mC/cm 2 . These devices have the potential to achieve highly spatially selective neural stimulation under chronic conditions where the tissue response is minimized due to the small physical dimensions.
PRACTICAL CONSIDERATIONS FOR CLINICAL USE OF ARRAYS OF ULTRASMALL MICROELECTRODES
After fabrication issues are solved, there will be a challenge with respect to in vivo imaging of the ultrasmall microelectrodes to verify the exact position in the brain after implantation. The value of spatial resolution enabled by ultrasmall microelectrodes will be limited if devices are readily dislodged or experience migration. Experiments in rodents with 7T magnetic resonance imaging (MRI) demonstrated imaging of 50 lm diameter Tungsten microwires (75, 76) , however the limited resolution of clinical MRI will be problematic for imaging ultrasmall microelectrodes. Furthermore, a consequence of microscale neural stimulation strategies will likely be the challenge of programming a larger number of electrode sites. For DBS, programming is typically performed empirically by surveying the effects of monopolar stimulation to determine an optimal stimulation configuration. It may not be practical to survey the vast parameter space associated with potentially many ultrasmall microelectrodes. Model based optimization approaches may facilitate discovery of optimal settings (77), but it is also entirely likely that there will be only marginal improvement in therapy for certain disorders treated with DBS given the volume of tissue required for activation to achieve results (78) . Instead, the benefits of spatial precision enabled by microscale neural stimulation are more likely to be realized for emergent neuroprosthetic applications such as restoration of proprioceptive/tactile sensation or visual perception through cortical stimulation. In these applications, the topographic organization of the brain cortices and relationship to sensation will aid in the initial programming stage, however the large neurostimulation parameter space will remain a challenge.
CONCLUSION
A natural evolution for electronic devices, including those of biomedical use, involves the decrease in size. For chronically implantable neural interfaces, "thinking small" results in size scales approaching the dimensions of cells within the brain, offering the possibility of more selective spatial stimulation and minimization of the tissue reactions by effectively evading the FBR. This tissue response likely involves both the inherent stiffness of the materials comprising the device and the physical dimensions of the implant. Extremely flexible devices of sufficiently small cross-sectional areas can be fabricated from inherently stiff and physically robust materials. For any ultrasmall microelectrode technology to become reproducible and ultimately translatable to the clinic, it is vital that devices can be created at scale and are comprised of robust materials. In spite of its widespread use, Parylene C is well known to have significant limitations with respect to robustness (79) necessitating the exploration of alternative materials such as liquid crystal polymers, which are chemically inert and have very low permeability (80) . Alternatively, a-SiC has advantages as an extremely robust structural and insulating material that can be coupled with state-of-the-art microelectrode coatings such as SIROF to enable a wide range of microscale neural stimulation applications. Future studies will be necessary to compare the relative merits of probes of differing materials including a-SiC with respect to tissue response and device longevity. Testing under in vivo conditions is particularly important, since the rigors of in vivo stimulation can stress thin-film devices and could lead to dissolution of metal contact pads or their coatings, as well as other modes of device failure such as delamination. 
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